Abstract-This paper presents an inductive link for wireless power transmission (WPT) to mm-sized free-floating implants (FFIs) distributed in a large three-dimensional space in the neural tissue that is insensitive to the exact location of the receiver (Rx). The proposed structure utilizes a high-Q resonator on the target wirelessly powered plane that encompasses randomly positioned multiple FFIs, all powered by a large external transmitter (Tx). Based on resonant WPT fundamentals, we have devised a detailed method for optimization of the FFIs and explored design strategies and safety concerns, such as coil segmentation and specific absorption rate limits using realistic finite element simulation models in HFSS including head tissue layers, respectively. We have built several FFI prototypes to conduct accurate measurements and to characterize the performance of the proposed WPT method. Measurement results on 1-mm receivers operating at 60 MHz show power transfer efficiency and power delivered to the load at 2.4% and 1.3 mW, respectively, within 14-18 mm of Tx-Rx separation and 7 cm 2 of brain surface.
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I. INTRODUCTION

B
RAIN machine interfaces (BMI) are promising to restore sensory modalities and motor abilities in those with severe physical disabilities, such as blindness and paralysis [1] - [3] . For instance, by obtaining neural signals from a microelectrode array (MEA) placed in a small local population of motor cortex neurons, partial control of a robotic arm has been demonstrated in humans [4] . However, it is a known fact that most functions engage a large part of the brain, and functions such as precise control of limb movements are the results of complex activities among a large distributed network of neurons in different regions of the brain [5] . Therefore, a key portion of future BMIs require the ability to simultaneously interface with multiple neural sites distributed over a large area [6] .
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Digital Object Identifier 10.1109/TBCAS.2017.2663358 safety, biocompatibility, and longevity of the traditional highly integrated but tethered MEA for clinical use is still one of the greatest challenges slowing down progress towards clinical use [12] . One of the key issues with these MEAs has been identified as the strain and micromotions resulted from the MEA being tethered to a central neural recording and/or stimulation hub, causing damage in the surrounding neural tissue and bloodbrain barrier (BBB) [12] , [13] . Neuroscientists and clinicians are now suggesting that advanced BMIs capable of wireless neural recording and stimulation while being small enough to be distributed over a large area of the brain, and float freely with the surrounding brain tissue without any tethers to a central hub would stand a better chance of operating over many years and decades [6] , [14] - [16] .
In the distributed BMI architecture, implants are very small, independent from one another, free-floating, and truly wireless [17] . Two key constrains for these new distributed free-floating implants (FFI) are size and sufficient wireless power to support a meaningful level of functionality. While the system-level design of the FFIs for a specific application is out of the scope of this article, we are focusing on the key aspect of delivering sufficient and robust (i.e. insensitive to misalignment) power delivered to the load (PDL) in a few mW range to a generic FFI-based BMI, despite extreme size constraints (1 mm 3 ) at the highest possible power transfer efficiency (PTE), without violating the specific absorption rate (SAR) limits. This is a common requirement among many FFI architectures that should facilitate their design and development for various BMI applications.
Considering potential benefits of the FFIs in terms of longevity and biocompatibility, several groups have started investigating the feasibility of various methods to fabricate and wirelessly operate these devices [14] , [16] . Energy harvesting from glucose fuel cell, thermoelectric, or piezo transducers have been proposed, but unlikely to provide sufficient power for the desired functionality [18] . Ultrasound, optical, and high frequency electromagnetic field are viable solutions, currently being investigated as potential means to energize the FFIs [14] , [19] , [20] . Ultrasound, however, cannot penetrate through the skull, limiting its usage to peripheral nerve interfacing or from an implanted device that receives power through an inductive link, and relays it over a short distance across a few membranes and cortical tissue [14] . Moreover, they are quite sensitive to transducer alignment under a narrowly focused ultrasound beam, requiring an array of transmitters for beamforming, which would multiply the amount of required power by the number of transmitters [21] . Resonance based near-field electromagnetic wireless power transmission (WPT) is well established and demonstrated the ability to provide high power density at extended range [22] . Even though several focused high frequency WPT links for a single miniature implant have been proposed [14] , [19] , [20] , there has been little information on a design guideline for inductive power transmission to randomly distributed multiple small FFIs with arbitrary misalignments over a large area of the brain [15] , [23] . It is not yet clear which one of these methods will dominate this particular arrangement and lead to the most robust and safe method for WPT and communication with small electronic devices implanted deep in the body [14] , [19] , [20] , [24] .
One of the key challenges in design of FFIs is the weak coupling between the embedded miniature Rx coil and the external Tx coil at distances that are much larger than the Rx coil diameter, which makes it difficult to achieve sufficient PDL through a 2-coil link [16] . Here, we present a new structure for powering distributed implants using an additional resonator at the Rx plane. We have found that when the size of the Rx coil is very small, using a high quality (Q) factor resonator can significantly improve the PTE because of the magnetic field boosting and homogenizing effect over the area encompassed by the resonator, particularly when the resonator is segmented. The added resonator significantly extends the coverage area of the Tx coil, where the Rx can receive >1 mW without surpassing the SAR limit. The following section presents a design procedure for the proposed 3-coil inductive link to power up mm-sized distributed FFIs. It includes full-wave 3-D electromagnetic field models, constructed in the HFSS (ANSYS, Cecil Township, PA), to optimize the 3-coil inductive link, including SAR assessment. In Section III, the resulting test setup and experimental results are presented. Section IV presents the discussion, followed by the concluding remarks in Section V.
II. DESIGN PROCEDURE
The exemplar FFI considered for the proposed coil inductive link design and optimization in this article, is a small implant (<0.001 cc) in the form of a free-floating, untethered pushpin with a small footprint (1 × 1 mm 2 ) on the brain that will be placed by the neuroscientist or neurosurgeon over the cortical surface in the areas of interest, as shown in Fig. 1 [15] . In this approach, the cortical area of interest, where the FFIs are located, is enclosed by a lightweight, flexible, hermetically sealed and passive LC resonator with high Q-factor. Therefore, it is not expected to cause any damage or unusual inflammation. The FFIs and the resonator are untethered and isolated from one another. In larger hosts, such as humans and non-human primates (NHP), FFIs will be powered and interrogated by an external transceiver that is worn on top of the head in the form of a cap, while in smaller hosts, such as rodents, the transceiver can be combined within the experimental arena or the homecage [25] , [26] . Here, we presents a detailed method for designing the proposed WPT link, considering the properties of various tissue layers in the human head, including skin, fat, bone, dura, and brain.
A. Inductive Link Structure and HFSS Simulation
In 2007, a group of physicists at MIT came up with coupledmode magnetic resonance theory (CMT) to wirelessly transfer power across a long distance at high PTE, using four optimized coils, two of which were high-Q LC-tank resonators [22] . This method shows its benefits in a variety of media and high power applications, such as charging laptops and electric vehicles [27] . However, its usage in transcutaneous WPT to ordinary implants was limited because, as explained in [28] , the resonators do not offer any significant advantage when the Tx-Rx separation is relatively small. We have, however, found that when the size of the Rx coil is very small, the high-Q resonator can significantly improve the PTE, coverage area, and robustness against misalignments.
In the proposed 3-coil transcutaneous WPT link for FFIs, the Tx coil is placed above the head, while the high-Q resonator and mm-sized Rx coils are placed in the same plane on the surface of the brain, as shown in Figs. 1 and 2. This scalable configuration allows for wireless powering of a large number of FFIs with arbitrary positions and orientations across a large area encompassed by the high-Q resonator, thanks to the 3-phase excitation scheme in [15] , [29] . Fig. 2(b) shows the cross-section of the proposed link, considering various tissue layers and depths of various components. In our experimental setup, the Tx (L 1 ) and resonator (L 2 ) coils were insulated from the surrounding tissue by Polyimide (Kapton) films, while the Rx coil (L 4 ) was coated with PDMS (see Fig. 12 ). Since the proposed resonator is more strongly coupled with the Tx coil, L 1 , than the Rx coil, L 4 , we have considered it as a Tx resonator, and refer to it as L 2 .
The inductive link and surrounding medium, including the human head tissue layers, skin, fat, bone, CSF, dura, and brain, are simulated in HFSS with Fig 2(b) model. Fig. 2 (c) compares the Poynting vectors (real part of power density) of the conventional 2-coil inductive link and the proposed 3-coil inductive link with identical dimensions. The red area indicates a high directional flux density, required for high rate energy transfer per unit area. It can be seen that the red area in the proposed 3-coil structure is considerably wider at the Rx location compared to the 2-coil link because of the magnetic field boosting and focusing effects of the L 2 C 2 resonator in the region of interest.
Another way to look at the role of resonator in the proposed 3-coil link in Fig. 2 (d) is a matching circuit that separates the load and/or source impedances from the inductive link, resulting in [31] . If η 14 is the PTE between L 1 and L 4 , for both 2-coil (without resonator) and 3-coil (with resonator) links, superposition suggests,
where
is the efficiency between L 1 and L 2 (resonator), and η 24 is the efficiency between the resonator (L 2 ) and Rx (L 4 ). Then from [30] ,
η 12 is quite high since M 12 between the Tx coil and resonator is large, and η 24 > η 14 since L 2 is in the same plane as L 4 . Additionally, L 2 is not influenced by R S . In the 3-coil structure, the contribution of the L 1 in delivering power directly to the Rx is similar to the 2-coil link, which is the first term in (1) and (2). The resonator adds the 2nd term in these equations, which can be considerably higher than the first term because η 12 >> η 14 and η 24 > η 14 . To maximize the PTE of the link we have determined the optimal parameters of the coils and operating frequency utilizing the coil design theory in [22] , [30] , [31] , and swept key parameters of the 3-coil link model in simulation for fine tuning, as shown in Fig. 3 . 
B. Inductive Link Design Procedure
To design the proposed 3-coil link for powering up FFIs with mm-sized Rx coils, distributed within the high-Q resonator, we have devised the algorithm in Fig. 3 . The flowchart includes four main sections: 1) input parameters, 2) L 4 optimization based on previous work in [16] , 3) optimization of L 1 and L 2 , and 4) output parameters. The input parameters, which are defined by the features and requirements of the application and coil fabrication constrains, are 1) FFI geometry, 2) thickness of various tissue layers, 3) area of coverage, i.e. valid locations for placement of the FFIs, and 4) R L , which is calculated based on the FFI power and voltage requirements, in this case, 1 mW and 1 V across the Rx coil, respectively. The coverage area is determined by the resonator inner diameter, d in Res.
Key properties of Rx are defined in [16] with a parameter known as the receiver power reception susceptibility (Rx-PRS), which indicates how efficiently Rx can receive power under a given magnetic field exposure,
is the Rx internal efficiency, and R L = (ωL 4 ) 2 /R L,ORIG is the parallel to series RLC transformed version of the actual load resistance, R L,ORIG , assuming it has a large value, i.e. low power consumption [16] . To achieve higher PTE and PDL on the Rx side, the Rx coil number of turns (Rx-turn) and loading (R L ) should be adjusted to achieve higher Rx-PRS. To have 1 mW of received power at 1 V across the Rx coil, the equivalent loading is R L,ORIG = 500 Ω.
To optimize the Rx coil using (3), we modeled the Rx and head tissue layers [see Fig. 2(b) ] in HFSS. The Rx coil has a square shape with a 1 mm inner side length to be wound around a 1 mm × 1 mm silicon die. The outer side length of Rx implants should not be more than 1.3 mm including the PDMS coating. Therefore, the Rx's wire diameter is chosen 100 μm, or 38 American wire gauge (AWG), and to complete the HFSS model, 50 μm PDMS isolating protection layer is added all around the Rx. The pitch between tightly wound turns is considered 120 μm, allocating 10 μm for wire insulation.
This model is used to optimize the Rx coil considering head tissue layers. Fig. 4(a) presents the HFSS simulation results of the Rx-PRS as a function of frequency and Rx-turn. When the Rx coil is placed in tissue, Q 4 decreases significantly and its peak shifts to the lower frequencies. Therefore, it is important to consider the effect of surrounding tissue properties in the design and chose the carrier frequency, f, accordingly. As a result, by increasing the Rx-turns, Rx-PRS reduces and the peak frequency shifts to even lower frequencies. As shown in Fig. 4(b) , heavier loading, i.e. lower R L , also shifts the Rx-PRS peak to lower frequencies. Although in this paradigm, the design of Rx is considered independent of Tx because of the fact that the Rx size is very small and EM-filed is uniform around it [16] , selected f should represent a balance between the most efficient operating parameters of both Rx (Rx-turns and R L ) and Tx coils (L 1 and L 2 ). Therefore, the Tx design and its characteristics as a function of frequency should be considered for choosing the operating frequency and maximize the PTE of the entire inductive link for the FFI.
We have simulated the Tx coil, L 1 , and resonator, L 2 , in HFSS using the same setup as the Rx coil. Both Tx and resonator are to be made of copper foil with a thickness of 100 μm, covered by 25 μm thick polyimide (Kapton) film with relative permittivity, ε r = 3.4. The distance from L 1 to both L 2 and L 4 , d, depends on the anatomical position of the FFIs and the species. In humans and NHP, d can be chosen anywhere between 1 cm and 2 cm. As initial values, we considered the thickness of skin, fat, and bone to be 1 cm plus a 0.2 cm air gap between L 1 and the outer surface of skin. To have 7 cm 2 of brain coverage, the inner diameter of the resonator, d in Res = 3 cm. To find the optimum width for L 2 , the algorithm sweeps the resonator outer diameter in HFSS. As shown in Fig. 5(a) inset, Q 2 also decreases significantly in the presence of tissue layers. These HFSS simulation results show that smaller widths of the implanted coils provide higher Q-factor at higher frequencies, in lines with the findings in [32] . Therefore, we chose the resonator width to be 1 mm, which corresponds to an outer diameter of 3.2 cm for the circular copper foil resonator.
Next, we determine the Tx coil outer diameter, d out T , that maximizes the coupling coefficient between L 1 and L 2 . By selecting d = 1.6 cm, and calculating d out T from [33] , [34] ,
The inner diameter of L 1 is swept, and simulated Q 1 is shown in Fig. 5(b) as a function of the frequency and the width. The inner diameter of L 1 is chosen to be 3.5 cm as the smallest size in Fig. 5(b) that offers a value close to the highest Q 1 . Similar to the other two coils, Q 1 decreases significantly in the presence of tissue, resulting in the choice of lower carrier frequency and conductor width.
In addition to the Q-factor, coupling coefficients between three coils play a key role in PTE optimization. Here we only consider k 12 , between L 1 − L 2 , because k 24 and k 14 are quite small due to the small size of L 4 . Fig. 6(a) and (b) show k 12 as a function of the frequency and L 2 and L 1 widths, respectively. To determine the optimal f for the wireless link that maximizes the PTE, we followed the design procedure in Fig. 3 flowchart, while considering the Tx-resonator's Q-factor, k 12 , and Rx-PRS as the inputs, derived from the HFSS simulation results and coil design theory [30] , [31] . Fig. 7(a) shows the PTE variations in HFSS as f is swept from 25 MHz to 200 MHz with various resonator widths. It can be seen that f = 60 MHz is the optimal choice for WPT in our target application, considering tissue properties of the human head, which permitivities are shown in Fig. 7(b) . By choosing f = 60 MHz, the optimum Rx-turns and R L , can be found to be 4 turns and 500 Ω, respectively. As a rule of thumb, to ensure the self-resonance frequencies (SRF) of all the coil are at least four times higher than f, we minimized the number of turns for L 1 and L 2 to only one turn. The optimal number of turns for L 4 , however, is found according to Fig. 4 at 60 MHz. Expectedly, both SRFs and Q-factors of all coils significantly decrease in the presence of tissue layers.
C. Coil Segmentation
The last steps in the proposed optimization algorithm are segmentation and SAR limit verification. A radius of λ/2π from the center of the conductive loop is generally considered the nearfield domain of the loop, where λ is the operating wavelength [36] . Electrically small loops, such as a one-turn coil with a perimeter of less than λ/10 can produce strong and uniform magnetic fields in the near field [37] . To maintain perimeter of the loop to be less than λ/10 when the operating frequency increases, the loop should be segmented. Segmenting the loop prevents phase-inversion and nulls in the current distribution along the loop that cause electromagnetic field cancellation at the location of the receiver [37] . Therefore, it improves the uniformity of the current distribution, SAR, and inductive coupling. Wavelength λ can be calculated from,
where C is the speed of light in vacuum (3 × 10 8 m/s), f is the operating frequency, and ε r is the relative permittivity of the surrounding environment, i.e. the tissue layers in this case. Electrical properties of human tissues besides ε r are conductivity, σ eff , which controls the propagation, reflection, attenuation, and other behaviors of electromagnetic fields in the body [38] . These properties depend on the type of tissue and the frequency of operation. Utilizing the lowest frequency results in less attenuation as long as it does not limit the Rx coil Q-factor. Since human body is weakly magnetic, its permeability, μ r ≈ 1. The maximum value of ε r for tissue layers in human head at 60 MHz equals 100. Using (5), λ = 50 cm. The perimeters of L 1 and L 2 are 14.14 cm and 10 cm, respectively, and the length of each segment must be less than λ/10 = 5 cm. Thus, we need to segment L 1 and L 2 by 3 and 2, respectively. Fig. 8(a) compares the electrical field (E-field) in the resonator plane for the complete loop vs. segmented Tx coil and resonator, comparing uniformity of current distribution. Since SAR = σ|E| 2 /ρ, where σ and ρ are the tissue conductivity and density, respectively, by improving the uniformity in the E-field, both SAR and PTE would improve, by increasing power transmission under SAR limitation of 1.6 W/kg [39] . Fig. 8(b) presents the HFSS simulation of SAR for the tissue layers of the human head when the tissue mass is considered 1 g and the input power levels are set to deliver an identical amount of power (1.3 mW) through 2-coil, 3-coil with complete loop resonator, and 3-coil with segmented resonator to the receiver. In this simulation, we have considered the average SAR of the layers with maximum absorption, which are skin and dura for 2-coil and 3-coil links, respectively. The results show that SAR of the 3-coil link with segmented coils is less than that with complete loop coils, which translates to allowing transmission of more power, while improving the uniformity of the E-field.
D. SAR Calculations
III. EXPERIMENTAL RESULTS
A. Implementation and PTE Calculation
We implemented the coils and characterized the performance of the proposed 3-coil inductive link at 60 MHz. Using a Vector Network Analyzer (VNA), we measured the specifications of the proposed inductive link and summarized them in Table I . The Tx and resonator coils are one turn planar made of flexible copper foil with 0.1 mm thickness, weight of 0.09 g/cm 2 , and conductivity of 0.586 MΩ/cm (C110 Copper Foil, Online Metals, Seattle, WA). The Rx coil is a 4-turns wire-wounded coil, implemented with 38 AWG wire and 10 μm thick insulating polyamide coating. Fig. 9(a), (b) , and (c) show the Q-factor of the coils with and without the presence of head tissue layers for Rx, resonator, and Tx coils, respectively. It can be seen that the Q-factors of all coils are significantly reduced because of the surrounding tissue layer properties.
To measure the PTE, transmission coefficient, S 21 , of the wireless link is used in,
Impedances of the VNA ports are 50 Ω, which are not necessarily matching this inductive link. To accurately measure PTE using a VNA, we used the measurement setup in Fig. 10 . The power amplifier (PA) output impedance matches to 50 Ω, requiring no changes at the input. The actual loading for FFI devices is, however, much higher than 50 Ω. Therefore, to accurately measure S 21 of the WPT link under proper load condition, i.e. higher R L here, a resistor, R L , was added in series with the 50 Ω VNA port-2, such that R L = R L + 50 Ω. We can then use the measured S 21 under this condition to calculate the actual S 21 (S 21 ),
By inserting V 2 of (9) into (8),
which is valid only if we measure S 21 using the configuration in Fig. 10 , where S 21 is measured over 50 Ω part of the actual load. Ultimately the PTE can be calculated by substituting |S 21 | 2 from (10) in (6) .
The advantages of the above PTE measurement method over conventional methods, which are based on calculating the PTE using coupling coefficients and quality factors [30] , are: 1) coupling coefficients are not ignored whether they are large or small, 2) only one measurement, S 21 , is needed to calculate the PTE, making it easy to sweep various parameters, such as coil alignments and de-embed parasitic components, and 3) the actual PTE can be measured under any load condition.
Because of small size of the 1-mm Rx coil, some of the parasitic components imposed by measurement instruments and interconnects have values comparable with the target parameters, such as the coil and mutual inductances. Therefore, measurements should be done carefully by cancelling or attenuating these parasitic effects. One of the common techniques is deembedding [16] , which was adopted by implementing an identical interconnect from the Rx coil to the SMA connector with the distal end, where L 4 is to be located in the actual measurement, shorted. The short and the open circuits de-embedding technique is used to remove the parallel and series parasitic components from the coil and SMA connector while measuring the PTE and PDL. Fig. 11 shows the effects of interconnect parasitics on the magnitude of S 21 . The specifications of the proposed 3-coil link is measured and presented in Table I after de-embedding. Fig. 11 . De-embedding technique was utilized reduce the effects of EM-field on interconnects from a 1-mm Rx coil to the VNA for PTE measurements and characterization of the 3-coil wireless link.
B. Experimental Setup and Results
To achieve the maximum PTE in the presence of tissue layers, as Fig. 3 algorithm suggests, we segmented the Tx coil and resonator by 3 and 2, respectively, resulting in the prototype shown in Fig. 12(a) . We used a 6 × 7 × 8 cm 3 cube cut out of a fresh lamb head as an in vitro model for the human brain and its surrounding layers. The sheep brain was refrigerated for no more than 24 hours and kept for 1-2 hours outside in order to reach the room temperature before experimentation. The total measured thickness of skin, fat and bone equal 8 mm. Fig. 12(a) insets show the Rx coil close up view, complete resonator within the cranial space, and measured results comparing the PTE (from S 21 ) of a conventional 2-coil inductive link and the proposed 3-coil inductive link.
The Rx coil Q-factor is low because of its small size and being loaded by the implant electronics. Therefore, it is wideband and relatively insensitive to detuning by the surrounding tissue. Moreover, any undesired shifted in the Rx resonant frequency can be compensated in closed-loop methods, such as automatic resonance tuning (ART) [40] . The resonator, which is unloaded, on the other hand, has a high Q and large surface area. Thus it is more prone to detuning following implantation. Since the resonator is passive, and should be hermetically sealed before implantation, one way to tune it is to carefully estimate the parasitic capacitance, C 2p , and the resulting shift in resonance frequency via HFSS simulation and in vitro measurements. Then use a lower capacitance, C 2air , to tune the resonator in air at a higher frequency for C 2tissue = C 2air + C 2p to resonate at the desired value. In our prototype setup in Fig. 12(a) , there was 2.6% (1.6 MHz) shift in the resonance frequency of the resonator before and after placement in the tissue, as shown in Fig. 12(b) , which was pre-tuned for f = 60 MHz in the tissue. Placement and removal of the skull in this setup resulted in an additional 0.17% frequency shift.
The PTE of the proposed 3-coil inductive link is shown in Fig. 13 by sweeping R L from 50 Ω to 2.5 k Ω in both HFSS simulation and measurement, using the method shown in Fig. 10 . As expected from the design target, the optimal load value for the prototype link was 500 Ω. PDL was measured using a spectrum analyzer (SA) with proper loading of R L = 500 Ω and configuration in Fig. 10 , while the VNA port-1 power to the Tx coil at 60 MHz was maintained and the VNA port-2 was replaced by the SA. The measured PDL of 1.3 mW (1.14 dBm) indicates peak-to-peak received voltage of 2.28 V across R L . Unlike conventional 2-coil inductive link, the measured PTE of the proposed 3-coil inductive link represents the worst case scenario when the Rx coil is located at the center of the resonator. Nonetheless, it still provides 4.8 times higher PTE than its 2-coil counterpart with perfect alignment. This is a key advantage of the proposed method, enabling high PTE across a large area within the high-Q resonator, as shown in Fig. 2(b) . We verified the uniformity and robustness of PTE in the desired coverage area by sweeping the location of the Rx coil along the x and y axes within the resonator surface. We measured S 21 for both 2-coil and 3-coil inductive links under similar conditions in Fig. 14(a) . The 3-coil link and segmentation have significantly improved the minimum level and uniformity of the PTE. It can be seen that PTE of the 3-coil inductive link increases as the Rx coil moves away from the center of the resonator and closer to its inner perimeter. Therefore, all distributed FFIs receive enough power as long as they are encompassed by the resonator. Moreover, unlike the traditional 2-coil inductive links, accurate alignment between the Rx coil(s) and the Tx and resonator coils is not necessary. Even though it is out of the scope of this article, it is possible to have multiple resonators under a larger Tx coil to interface with separate populations of FFIs and brain neural networks. Since the size of the Rx coil is much smaller than the resonator, it does not noticeably influence the magnetic field inside and around the resonator. Instead, it can be considered as an electromagnetic probe that measures the magnetic field relayed by the resonator. According to the Biot-Savart law, the magnetic field intensity drops in inverse proportion to distance from a straight wire, which is the case for Rx coil and resonator when dRx << dRes (see coil geometries in Table I ). For the area enclosed by the resonator coil, this result in a U-shaped PTE curve, as shown in Fig. 14(a) . Fig. 14(b) compares the PTE of the 2-coil and 3-coil inductive links with and without segmentation vs. the distance between a perfectly-aligned Rx coil and the Tx coil along z-axis, when the resonator for the 3-coil inductive link is fixed at d = 16 mm. To conduct this test for the range of d from 16 mm to 20 mm, the surface of the brain was cut at depths of 2 mm and 4 mm to place the Rx coil below the surface. Although the d between 14 mm to 16 mm is the target location for Rx, we also cut the bone and skin to be able to sweep the Rx location across the skull and characterize the PTE as a function of d. As expected, the maximum PTEs for the 2-coil and 3-coil inductive links along the z-axis are achieved at d = 0 mm and d = 16 mm, respectively. It can be seen that the PTE in 2-coil link is highly sensitive to Tx-Rx separation, while the 3-coil link is somewhat flat around 16 mm Tx-resonator distance, for which it has been optimized. Another important observation from this experiment is that in the 3-coil inductive link, the PTE drops less than 10% within the designated range of 14 mm to 18 mm, indicating that the proposed resonance-based 3-coil link is not only insensitive to horizontal FFI misalignments within the resonator loop but also quite forgiving in Tx coil distance variations along d. Therefore, as shown in Fig. 2(b) , a large 0.4 cm × 7 cm 2 = 2.8 cc volume of brain cortical space is considered valid space for placing the FFIs with an average PTE of 3% in this particular prototype.
IV. DISCUSSION
This is important from practical point of view, considering the fact that the brain surface is not smooth, and filled with gyri and sulci [46] . Therefore, in our design specifications, the inductive link should also be able to power up the FFIs within ±30°angular misalignments. Fig. 15 provides the simulation and the measurement results of PTE and PDL as a function of the Rx coil rotation, which are measured six times for each angle for more accuracy, because of difficulty in adjusting the angular misalignment of Rx in the neural tissue. Error bars show the maximum and minimum values of the measured PDL, while the measured PTE data in this figure represents the average. We can conclude that the proposed 3-coil link provides PTE > 1% under angular misalignments of <±45°. The performance of the proposed inductive link is summarized and benchmarked in Table II .
The resonator and the FFIs are surrounded by tissue layers in the cranial space, and all power losses by these components convert to heat and elevate the local temperature. The power that the segmented resonator's parasitic resistance dissipates was estimated by measuring the voltage across the resonator, V Res = 5.9 V, and P diss = (V Res /ωL 2s ) 2 × R 2s /2 = 18.25 mW for each segment, while delivering 1.3 mW to the Rx. L 2s and R 2s are the inductance and the resistance of each segment, respectively, equal to the half of the complete loop resonator. While the power loss will raise the temperature in surrounding Fig. 16 . (a) Simulation and measurement of coupling coefficient between two adjacent Rx coils vs. their center-to-center spacing, and the impact on PTE when they are located at the center of the resonator. Rx coil dimensions are given in Table I . The effects of surrounding tissue is also considered at 60 MHz. (b) PDL of an Rx coil, when it is located at the center of the resonator, and the overall PTE of all Rx coils as a function of the number of FFIs within the resonator and the Rx coils' center-to-center spacing.
tissues, blood perfusion takes the heat away and cools down the implantable devices. The power dissipation through the Utah array [47] , with size of 55.46 mm 2 , increased the temperature linearly with a slope of 0.029°C/mW. Therefore, for a 36.5 mW of power dissipation from both segments of the resonator, over the 100 mm 2 copper surface of the resonator, the estimated temperature rise would be less than 0.3°C, which is well within the 1°C limit. The outer surface of the FFI consisting of a 1 × 1 mm 2 chip and the Rx coil wrapped around it will be 7 mm 2 . The temperature rise for maximum delivered power of 1.3 mW would be 0.3°C, and even less (0.23°C) for the target PDL of 1 mW. Adding more FFIs does not change this temperature rise significantly since the outer surface area is also increased linearly with the number of implants. Fig. 16 (a) presents HFSS simulation and measured results of the coupling between a pair of Rx coils, which dimensions are given in Table I , as well as the PTE when the Rx coils are located at the center of the resonator, as a function of the Rx coils' center-to-center spacing. The effects of the surrounding tissue is also considered at 60 MHz. Fig. 16(b) presents the PDL simulation results for an Rx coil, located at the center of the resonator, as a function of the number of FFIs within the resonator, showing the effect of multiple Rx coils inside the resonator on the PDL and PTE. This figure also presents the overall PTE of all Rx devices as a function of the number of FFIs. According to this simulation, the drop in PDL limits the number of FFIs in the system only when the density of devices is very high. The temperature rise in the Rx devices is not dominant and does not limit the number of the Rx devices in the system.
V. CONCLUSION
We proposed a new inductive WPT structure to power up small mm-sized free-floating implants (FFI) located within a 3D space inside a high-Q resonator laid on the surface of the brain. The 3-coil link successfully powered 1 mm-Rx coils within a 2.8 cc volume at an average PTE of 3% at the 60 MHz optimal carrier frequency without surpassing the SAR limits. We have presented HFSS simulation results in support of the design and optimization procedure and segmentation (when beneficial) of the Tx and resonator coils, depending on the input parameters and designated application. We implemented a proof-of-concept prototype to measure and fully characterize the performance of the proposed 3-coil link in sheep brain in vitro model. Measurement results proved that the proposed 3-coil link is quite robust against horizontal and angular misalignments of the FFIs as long as they stay with the high-Q resonator. Moreover, the additional heat generated by the resonator coil is within the safe limits.
